Introduction
Lack of proper vascularization of tissue engineering constructs (TECs) causes cellular necrosis in the inner regions and failure of the engineered tissues after implantation (Lovett et al., 2009; Sakaguchi et al., 2013; Auger et al., 2013; Mercado-Pagan et al., 2015) . In vitro prevascularization of TECs prior to implantation holds great promise to improve cell viability and overcome center necrosis of large TECs via facilitating the rapid establishment of microcirculation, and enhancing tissue engraftment, integration and regeneration in vivo (Levenberg et al., 2005; Chen et al., 2009; Fedorovich et al., 2010) . Hydrogels made of extracellular matrix-like polymers provide a suitable environment for formation of capillary network in vitro (Hanjaya-Putra et al., 2011; Lloyd-Griffith et al., 2015; McFadden et al., 2013; Duffy et al., 2011; Correia et al., 2011; Leong et al., 2013) . For instance, McFadden et al. McFadden et al., (2013) demonstrated in vitro prevascularization of a collagen-GAG matrix using human umbilical vein endothelial cells (HUVECs) and Mesenchymal stem cells (MSCs). Also, Duffy et al. (2011) achieved capillarylike networks in vitro by using MSCs cultured with endothelial supplements within collagen-glycosaminoglycan scaffolds. However, in general, the mechanical properties of such hydrogels are far below those of load-bearing bone tissues (Tian and George, 2011) , and their pre-formed TECs are less convenient for surgical manipulation (Gong et al., 2007) . Therefore, for load-bearing bone TECs, it is highly desirable and beneficial to combine a rigid porous scaffold of appropriate mechanical properties and a soft cell-laden hydrogel matrix to promote in vitro prevascularization within a mechanically-sound structure. In such hybrid constructs, in addition to support mechanically, the scaffold component provides micro-architectural guidance for cells to reorganize and form vascular networks in hydrogel within porous scaffold. A few studies have reported the in vitro cellular network formation in such hybrid constructs (Gong et al., 2007; Melchels et al., 2012; Schuurman et al., 2011; Kim et al., 2012; Mintz and Cooper, 2014; de Moraes et al., 2012; Santos et al., 2008) , however, the biomechanical effects of both soft and rigid components of hybrid construct on the cellular behavior and reorganization of cells for network formation are poorly understood. The objective of this study is to investigate the in vitro endothelial cell pattern and network formation as well as the reciprocal biological and biomechanical effects between endothelial cells and environment provided within a hybrid bone tissue engineering construct. To control the microstructures of the construct such as porosity, pore size and strut size of the scaffold component, we utilized additive manufacturing (AM) technology for fabrication of rigid porous scaffolds. AM technology enabled us to fabricate porous scaffolds with well-defined geometry and highly-reproducible controlled porous architecture in contrast with conventional scaffolding fabrication methods (Melchels et al., 2012; Yang et al., 2002; Mota et al., 2015) . We used a biodegradable composite of poly(ε-caprolactone) (PCL) and β-tricalcium phosphate (β-TCP) for the rigid scaffold component and collagen as the soft hydrogel matrix because PCL-β-TCP has been extensively used for bone tissue engineering (Lim et al., 2011; Yeo et al., 2010; Macedo et al., 2012; Sawyer et al., 2009; Yeo et al., 2008) , and collagen hydrogel has been widely used as an extracellular matrix carrier for in vitro vasculature formation Cen et al., 2008; Garvin et al., 2011; Deng et al., 2010) . We characterized the structural and mechanical properties of the scaffold and hydrogel components. Then, we loaded HUVECs into a collagen precursor solution and casted the cell-containing solution on the porous scaffolds for subsequent gelation. Finally, we studied the formation of endothelial networks across the hybrid constructs and the effect of scaffolds with different strut size on network morphogenesis.
2.
Materials and methods
Materials
Medical-grade PCL (mPCL) pellets (Sigma Aldrich, St Louis, MO) with density of 1.145 g/cm 3 (Mn¼ 80,000) were used as received. β-TCP powder with a specific surface area of 17 m 2 /g and particle size of mesh 60 was obtained from Nanocerox, Inc. (Ann Arbor, Michigan). A slurry was prepared by dispersing β-TCP powder in acetone at 50 1C, followed by gradual incorporation of PCL pellets. A PCL:β-TCP:acetone weight ratio of 80:20:400 was used. Vigorous mechanical stirring was performed for 3 h to ensure the homogenous distribution of the β-TCP particles in the PCL slurry. The slurry was poured out evenly into glass plates, left overnight to evaporate, and further dried in a vacuum overnight to remove any residual acetone. Then, the material was warmed up and extruded through a 2.2 mm orifice to form filaments for AM of scaffolds. Collagen type I solution (Cellmatrix Type I-A; 3 mg/mL in DPBS; pH ¼ 7.4, Nitta Gelatin) was purchased from Wako Chemicals USA, Inc. (Richmond, VA) for hydrogel component of hybrid constructs.
2.2.

Fabrication of PCL-β-TCP scaffold
The filaments were fed into our in-house-built Hybprinter where they were melted at 140 1C, extruded as tiny struts and laid down in 0/901 patterns layerupon-layer to form porous lattice-shaped scaffolds. To investigate the effect of scaffold geometrical features on cells' behavior and network development, scaffolds with constant pore size and different strut size were designed. Two types of PCL-β-TCP scaffolds were formed and characterized: scaffolds with 200 and 400 mm strut size with, respectively, 165, and 350 mm layer thickness ( ¼distance between the sequential layers). The porosity of the scaffolds was adjusted via the operating software in a way to make pore size (¼ spacing between the edge of struts in the plane of each layer) equal to 500 mm. For that purpose, the porosity of the structures with 200 and 400 mm strut size was designated as 67%, and 57%, respectively (Table 1 ). All scaffolds were surface-treated in 5 M NaOH for 18 h at room temperature to enhance their hydrophilicity to improve penetration of the cell-laden collagen into the pores and mechanical interlock between collagen and strut surfaces during integration of pliant collagen gels with rigid PCL-β-TCP scaffolds.
Structural characterization of PCL-β-TCP scaffolds
Porous PCL-β-TCP scaffolds were scanned by a highresolution micro-computed tomography (micro-CT) machine (Skyscan1172, Scanco Medical, Basserdorf, Switzerland). The CT scanner was set to operate at 49 kV voltage, 200 μA current and 17 μm resolution. Porosity and specific surface area of the scaffolds were calculated with NRecon 1.4.4 software. The scan images were also used for 3D reconstruction and visual observation of the microstructures. AM-made scaffolds were also scanned via secondary electron emission imaging using SEM (FEI XL30 Sirion) to analyze strut size, pore size, and layer thickness as well as to observe surface morphology of the struts. Three samples per group were used. The PCL-β-TCP scaffolds were first sputter-coated with gold (10 nm; SPI Sputter, SPI Supplier Division of Structure Prob Inc., West Chester, PA, USA) to make them electrically conductive. The SEM acceleration voltage was set to 5 kV.
Water-uptake measurement
To investigate the effect of surface treatment on the hydrophilicity of PCL-β-TCP scaffolds, their water-uptake capability was tested. The water-uptake characteristic may also represent the surface condition of the scaffold struts for collagen mechanical integration as well as cell adhesion and proliferation (Yeo et al., 2012) . The water uptake ability of the porous scaffolds was determined by completely immersing the samples in distilled water for 60 s. The bulk water accumulated on the outer surfaces of the samples was removed via blotting with a piece of wet filter paper. Then, the wet scaffolds were weighed immediately using an electronic balance (XS105, METTLER TOLEDO, Columbus, OH). The percentage of water uptake was determined as
where W w and W d are the weight of wet and dry samples, respectively. The test was conducted using five specimens of each sample type (i.e., different strut size). Each measurement was triplicated for each scaffold and the average value was calculated.
Mechanical testing
The mechanical properties of the scaffolds were measured using an Instron 5944 uniaxial testing system with a 2 kN load-cell (Instron Corporation, Norwood, MA). Specimens with 5 Â 5 mm 2 square cross-section and 10 mm in height were mechanically tested under compression between two platens (one self-aligning, one fixed) at a speed of 0.1% strain/ sec up to 25% strain with 1 N preload. Displacement was determined from an extensometer (Epsilon Technology Corp, Jackson WY) attached to the two platens. Five samples were tested for each group of 200 and 400 mm strut size. The testing protocol was adapted from the reference (Zein et al., 2002) where, for all the specimens, the apparent modulus of elasticity was calculated as the slope of the initial linear portion of the stress-strain curve. The effective stress values were determined as the compressive loading value per the apparent initial cross-sectional area of each test specimen.
The strain values were calculated via dividing the deformation values with the initial specimen height. Yield compression strength was defined as the intersection of the stressstrain curve with a line with a slope equal to the modulus starting at an offset of 1% strain. We also measured the compressive modulus of the collagen gel matrix through unconfined compression tests using an Instron 5944 materials testing system (Instron Corporation, Norwood, MA) fitted with a 1 N load cell (Interface Inc., Scottsdale, Az). The test set-up consisted of custom-made aluminum compression platens lined with PTFE to minimize friction. All tests were conducted in phosphate buffered saline (PBS) solution at room temperature. Gel discs of 8 mm in diameter and 3 mm in thickness were tested. The specimen dimensions were measured using digital calipers (diameter) and by readout of the testing system's position (height). Before each test, a preload of approximately 1 mN was applied. The upper platen was then lowered at a rate of j o u r n a l o f t h e m e c h a n i c a l b e h a v i o r o f b i o m e d i c a l m a t e r i a l s 6 5 ( 2 0 1 7 ) 3 5 6 -3 7 2 0.1% strain/sec to a maximum strain of 30%. Load and displacement data were recorded at 100 Hz. The compressive modulus was determined for strain ranges of 10-20% from linear curve fits of the stress vs. strain curve in each strain range.
Preparation of HUVECs
Human umbilical vein endothelial cells (HUVECs) expressing green fluorescent protein (GFP) were generously gifted by the late Dr. J. Folkman (Children's Hospital, Boston) and used for cell culture in this study. HUVECs were cultured in endothelial basal medium (EBM-2, Lonza Inc., Hopkinton, MA) with endothelial growth supplement SingleQuots (EGM-2, Lonza Inc., Hopkinton, MA) in a 5% CO 2 atmosphere at 37 1C. Upon about 85-90% confluence, HUVECs were subcultured using 0.25% trypsin-EDTA (Invitrogen, USA) and resuspended in EBM culture medium.
Fabrication of hybrid constructs
Surface-treated scaffolds (6 Â 6 Â 2 mm 3 with 200 and 400 mm strut size) were washed three times using PBS and sterilized by 70% ethanol solution. For prewetting, the PCL-β-TCP scaffolds were immersed in cell culture medium overnight. The prewetted scaffolds then were placed in a non-treated 48 well-plate. 1 Â 10 6 cells were suspended in 200 μl of the collagen solution and loaded onto the individual scaffolds in each well. The amount of collagen solution was sufficient to fill the pores of the scaffold and cover its top surface. After 30 min incubation, the cell-laden collagen hydrogel gelled and encapsulated HUVECs in the collagen-scaffold hybrid construct. Fresh EBM medium was then added for further incubation. The same amount of cell-laden collagen was casted in empty culture wells (without scaffold) to form control collagen matrix. In addition, 1 Â 10 6 cells in 1 ml culture medium were seeded directly into the PCL-β-TCP scaffolds (without collagen) and incubated at 37 1C as control scaffold samples. Every 15 minutes (for 1 h), the scaffolds were flipped over to allow cells to homogenously attach onto the struts of the scaffolds. Morphology of GFP-tagged cells was monitored in hybrid constructs, control collagen and on control scaffolds 6 h after seeding using a Zeiss fluorescent microscope (Jena, Germany). Three samples from each scaffold type (i.e., 200 μm and 400 μm strut size) were used for cell culture and further biological studies. Culture medium was changed every two days for all the samples.
Cell migration and proliferation assay
We quantified the number of cells encapsulated within the collagen component and attached on the scaffold component of the hybrid construct at 1, 7 and 14 days of culture to investigate the rate of migration from the soft collagen matrix onto the rigid struts and proliferation on them as well as the rate of proliferation of remaining HUVECs in the collagen. The initial cell density was 5 Â 10 6 /ml and the total number of seeding cells for each sample was 1 Â 10 6 . To this end, the cell-laden collagen component of the hybrid construct was digested with a 2 mg mL À 1 collagenase-A solution (Roche Applied Science, Indianapolis, IN, USA) for 4 h at 37 1C.
Then, the cells on the scaffold component were trypsinized (200 ml for each sample) for half an hour and collected after adding 300 ml of EBM. The retrieved cells were counted using a Z2 Coulter counter (Beckman Coulter, Miami, Fl). The test was also performed on the control scaffold samples and control collagen with identical initial number of seeding cells, and the results were compared with the hybrid constructs. For this test, based on our extensive cellular evaluation experience, 48 well plates were chosen to contain all 5 types of samples (including 200-and 400 -mm collagen-scaffold constructs, control 200-and 400-mm scaffolds and control collagen) per condition/batch to reduce potential discrepancy among sample preparation and cellular conditions. The structure of the scaffolds was the same as used in mechanical test i.e., scaffolds were composed of same 200-and 400 -mm struts with same spacing and layer thickness, though we selected smaller overall dimensions of scaffolds to fit in the 48 well plate. We conducted two repeat studies on cell viability and proliferation with 3 samples each time; thus, the overall n equals 6 (3 sample/time Â twice).
F-actin staining for cell morphology
Rhodamine phalloidin was used to stain cells' F-actin to assess cytoskeletal organization on the collagen/PCL-β-TCP hybrid constructs, control PCL-β-TCP scaffolds, and control collagen hydrogel. After 2 and 7 days of incubation, the cells/ constructs were rinsed twice using PBS, and then fixed by 4% paraformaldehyde solution (PFA) for 15 min at room temperature. The fixed cells were further permeabilized in 0.5% Triton X-100, and incubated in 100 nM rhodamine phalloidin working solution (Cytoskeleton Inc. USA) for 2 h at room temperature. After a quick rinse with PBS, DAPI solution (5 mg/mL) was added to counterstain cell nuclei. After thorough washing with PBS, cells were observed under a Zeiss fluorescent microscope.
Immunofluorescent staining of PECAM-1 (CD31)
Immunofluorescent staining of platelet-endothelial cell adhesion molecule (PECAM-1, or CD31) was performed using an established procedure to investigate the inter-cellular connections and to observe network formation of HUVECs on the collagen/PCL-β-TCP hybrid constructs, control PCL-β-TCP scaffolds, and control collagen hydrogel. After 14 days of culture, the cell/constructs were fixed in a solution of 4% PFA for 15 min at room temperature. After washing three times in PBS, the samples were placed in 5% bovine serum albumin (BSA)/PBS blocking buffer for 1 h, and then were incubated with mouse anti-human CD31 primary antibody (1:3200, Cell Signaling Technology, Danvers, MA) in 1% BSA/PBS overnight at 4 1C. The cells/scaffolds were then washed three times using PBS, and incubated in an anti-mouse secondary antibody Alexa Fluor s 594 (1:1000; 2 mg/mL, Invitrogen, Carlsbad, CA) for 1 h at room temperature. After rinsing the samples j o u r n a l o f t h e m e c h a n i c a l b e h a v i o r o f b i o m e d i c a l m a t e r i a l s 6 5 ( 2 0 1 7 ) 3 5 6 -3 7 2 using PBS, the cell nuclei were counterstained with DAPI solution (5 mg/mL) for 1 min. The scaffold samples were then extensively washed with PBS, and visualized by a Zeiss fluorescent microscope.
Optical coherence tomography (OCT)
The internal structure of the hybrid collagen/PCL-β-TCP scaffolds were observed at day 14 using a commercially available j o u r n a l o f t h e m e c h a n i c a l b e h a v i o r o f b i o m e d i c a l m a t e r i a l s 6 5 ( 2 0 1 7 ) 3 5 6 -3 7 2 optical coherence tomography (OCT) system: Telesto OCT Imaging Systems (1310 nm, maximum 92 kHz line rate, 5.5 μm axial resolution, Thorlabs Inc., Newton, NJ). Also, the morphology of the cells and lumen formation in the collagen component close to the top surface were investigated after 14 days culture using a custom-built high resolution full-field OCT system (1.5 μm axial resolution, 1 μm lateral resolution, 580 nm) (Zarnescu et al., 2015) . No staining was required for OCT imaging.
Dimension change of collagens in presence and absence of cells
We measured the geometrical variation of collagen matrix in the presence and absence of cells over time as an indicator to indirectly estimate the effect of cellular traction force on the collagen matrix. For this purpose, collagen hydrogel disks of 8 mm in diameter were formed with and without (as control) encapsulated ECs (initial cell density 5 Â 10 6 /ml) using cylindrical molds. The selection of 8 mm was because it is a close estimation of the diameter of individual wells of 48 well plate minus the curved edge of collagen gel concave meniscus occurs in the well. The disks were floated in EBM. The diameter of the disks was measured over time up to 14 days of culture. The dimensional change of collagen-only samples (without cells) was used as an estimation of material degradation, and the variation of such dimension in cell-laden collagen samples in comparison with the collagen-only (without cells) disks was used as an estimate of the bulk effect of cellular traction force.
Finite element analysis of cell mediated collagen contraction
A simplified finite element model (FEM) was developed on the basis of cell-mediated contraction and the mechanical constrains on the collagen matrix in the hybrid constructs to rationalize and validate the observed pattern of EC network. To model the cellmediated contraction effect, a pre-described displacement boundary condition was applied to the top surface of the hydrogel component used as inputs for the FEM. The predescribed boundary displacement was defined based on the shape of hybrid construct obtained by OCT and the cellmediated shrinkage percentage determined by previous dimension change test (as described in Section 2.12). The scaffold struts and the well plate wall and bottom were modeled as fixed mechanical constrains due to adhesion of collagen to those surfaces. The meniscus shape due to surface tension between initial collagen solution and well plate was simplified to a flat surface due to the lack of information about the exact profile of the meniscus. The stiffness of the collagen matrix, which was measured via mechanical testing, was used in this model. One quarter of the hybrid hydrogel-scaffold was modeled in the FEM software package COMSOL Multiphysics 4.3 and a linear elastic material model was utilized for simulation. The mesh accuracy of the model was tested via mesh refining method. The spatial distribution of principal stress in the hydrogel component was calculated.
2.14.
Statistical analysis
The values reported for the mechanical test, water-uptake measurement and cell proliferation assay are presented as the mean values7the standard deviation (STD). For mechanical and water-uptake tests, the difference was considered statistically significant as analyzed by a t-test if the p-value was less than 0.05. For the cell proliferation study, one-way analysis of variance (ANOVA) with post-hoc Tukey 0 s test (po0.05) was used for the migration and proliferation test.
Results
Structural characteristics and morphology
Reconstructed 3D models of the 200-and 400 -mm strut scaffolds generated by micro-CT scanning are shown in Fig. 1 (A) and (B), respectively. Also, the SEM images of horizontal and vertical cross sections (parallel and perpendicular to the layers) of the scaffolds with different strut size are shown in Fig. 1 (C) and (D), demonstrating well-defined layers of struts and interconnected pores of the scaffolds. The strut size, pore size, and layer thickness were measured using the SEM images, and deviations from the original designs are listed in Table 1 . The geometrical deviations from the original designs of the strut sizes and pore size (parallel and perpendicular to layers) were determined, showing that the struts were formed $40-60 mm larger than the original design in AM-operating software (i.e., 10-30% deviation). Consequently, the pores in the layers plane were built about 55-60 mm smaller than 500 mm (i.e., approximately 11% deviation). Despite the dimensional deviations, the pore sizes remained consistent (i.e., measured $ 450 mm) for all the structures with different strut sizes. Table 2 lists the porosity and specific surface area of the scaffolds that were quantified by the micro-CT analysis. The porosity and specific surface area of the scaffolds were in reasonable agreement with the original CAD design despite 
the abovementioned geometrical deviations in strut and pore size. The porosity and specific surface area of the samples formed with smaller struts (smaller diameter) were higher than those of bigger struts. Also, overnight alkaline treatment significantly increased water-uptake of the scaffolds (300-400%) regardless of strut size (Table 2) .
Mechanical properties
The strength and apparent modulus of elasticity of PCL-β-TCP scaffolds with different strut size were measured under compression. As shown in Fig. 1(E) , the strength of the scaffolds falls in the range of 1.6-2.6 MPa which is comparable with the strength of human trabecular bone (An, 2000) . The apparent modulus of the scaffolds is in the range of 42-58 MPa. The scaffolds with the thinner strut size exhibited significantly lower compressive strength and apparent elastic modulus. This behavior is attributed to the higher porosity and smaller fusion joints between struts of the sequential layers. The compressive modulus of the collagen matrix was 12.0872.86 Pa in 10-20% strain range (as depicted in Fig. 1(F) ), which is comparable with the reported values in literature (Wu et al., 2005) .
Cells in hybrid constructs
Proliferation of cells in the hybrid constructs, control collagens and control scaffolds were quantified and compared ( Fig. 2(A) and (B)). In the hybrid constructs, cell numbers were counted and reported separately in the collagen component and on the struts of the PCL-β-TCP scaffold component. The same total number (1 Â 10 6 ) of initial seeding cells was applied to each sample regardless of hybrid constructs, control collagens and control scaffolds. As demonstrated in Fig. 2(A) , at day 1 about 86-93% of cells were retrieved from digested control collagen matrix and collagen component of hybrid constructs. However, this number decreased to approximately 52% by day 7. Then, about 30-60% re-growths were observed by day 14. There was no significant difference in cell population between hybrid constructs and control collagen groups. Also, Fig. 2(B) shows that, after 1 day of culture, only about 2% of the initial cells migrated and attached to the scaffold of the hybrid construct. After 14 days of incubation, the total numbers of cells on the struts increased about 265% for 200-mm constructs and 453% for 400-mm constructs as a result of both cell migration towards to the struts and cell proliferation on the struts. Although the total number of cells on the control PCL-β-TCP scaffolds was significantly less than the hybrid constructs (including both collagen and scaffold component), it was much higher than the scaffold's component in the hybrid 
Morphology, organization and CD31 expression of cells
The endothelial cell-laden collagen solution was easily infiltrated into and remained within the pores of the surfacetreated scaffolds. After gelation, the collagen could be held by the scaffold in air and did not detach, suggesting the bulk mechanical interlock between the scaffold and collagen components. Fig. 3A and B show the morphology of the GFP-tagged cells in the collagen/PCL-β-TCP constructs with 200-and 400 -mm struts, respectively, after 6 h of seeding. HUVECs were observed evenly distributed in the collagen component of the hybrid constructs. Fig. 3C -E, respectively, show the morphology of the GFP-tagged cells on 200-and 400-mm struts of PCL-β-TCP control scaffolds and in the control collagen hydrogel, after 6 h of seeding. Also, as shown in Fig. 3(C) , in comparison with 400-mm struts, relatively higher cell density attached, spread, and oriented aligned with the strut direction on the 200-mm struts. Cells also attached well on 400-mm struts, but they appeared with random orientation (Fig. 3(D) ). Cell morphology in the control collagen was similar to those in the collagen component of the hybrid constructs. Fig. 4 shows immunofluorescence images of cell-cell interface and network formation of endothelial cells after 14 days of incubation. PECAM-1 (CD 31) is a cell adhesion molecule present predominantly at the intercellular adherence junctions and stained in red, and nuclei were counterstained in blue. HUVECs formed extensive network in the collagen component within the pores of both 200-and 400-mm hybrid constructs (Fig. 4(A) and (B) ), but cells are aligned as linear cords in the 200 -mm constructs whereas they are randomlyoriented and capillary-like in the 400-mm constructs. Also, HUVECs attached onto the 200 -mm struts of the hybrid constructs, and self-assembled to networks that were aligned with the strut orientation (Fig. 4(C) ). However, HUVECs did not yield an obvious alignment orientation or form networks on the 400-mm strut (Fig. 4(D) ). In addition, in control PCL-β-TCP scaffolds, although endothelial cells proliferated well on the struts after 14 days of culture, no obvious network formed (Fig. 4(E) and (F) ). HUVECs developed extensive, but random networks in the collagen matrix (Fig. 4(G) ). 
Dimension changes of collagens in presence and absence of cells
The variation in the diameter of cell-laden collagen disks in the presence and absence of cells over time was measured as an indicator of the bulk effect of cellular traction force on the collagen matrix. As shown in Fig. 6 , the cell-laden collagen started to shrink from early hours and to approximately 14% in diameter by day 3, 22% by day 7, and 44% after 14 days of incubation. However, the control collagen disks without cells did not show any significant change up to 7 days and then shrank approximately 15% by day 14, probably due to material degradation. The difference between cell-laden collagen and control collagen (i.e., $ 20% and $ 30% dimension change at days 7 and 14, respectively) is probably a result of cellular traction force before day 7 and the combination of cellular traction force and matrix degradation by day 14.
Finite element modeling of mechanical stresses
The traction force acted by the cells on the collagen component of hybrid construct was simulated via a finite element method. The model was validated by predicting the alignment of HUVECs in the collagen hydrogel (Knapp et al., 1999) . Fig. 7(A) is a schematic drawing of hybrid constructs, and Fig. 7(B) shows two perpendicular cross-section OCT images of a hybrid construct illustrating how the collagen component is mechanically restricted by the scaffold component in the hybrid construct. Only the two top layers of scaffold component within the cell-laden collagen component are depicted in Fig. 7(B) . The contours of principal mechanical stresses within the collagen component were obtained across the construct as shown from the top view in Fig. 7 (C) for 200-and 400-mm hybrid constructs and control collagen-only sample. As seen, linear patterns of principal stresses appeared in the regions surrounding both 200-and 400-mm scaffolds. However, unlike the 200 -mm samples, such linear patterns did not form within the pores of 400-mm scaffolds. The simulated pattern of principal stresses highly matched with the pattern of the cell network and the linear cellular cords observed via fluorescent microscopy as depicted in Fig. 7(C) on the selected regions shown by dashed boxes. Also, the values of the principle stress in N/m 2 are shown on selected points/contours. The stresses in the similar regions are higher in 200-mm constructs compared to 400 -mm constructs. The stresses in control collagen are much less than the hybrid constructs. No dominant orientation was observed in the network of HUVECs in the control collagen matrix.
Discussion
To engineer prevascularized bone TEC, material composition and internal architecture are essential biological and mechanical cues, and need to be properly selected and appropriately tailored, respectively, to guide the organization of cells. In our previous studies, we have demonstrated the importance of rigid porous scaffold to protect structural integrity and functionality of cellladen hydrogel-based microvasculature Chen et al., 2012) . In the present study, we combined the PCL-β-TCP scaffold with HUVEC-laden collagen and studied their interaction in an attempt to promote endothelial cell organization and network formation in a hybrid construct. We used AM technology to fabricate mechanically-sound scaffolds of well-defined structure, i.e., controlled pore size, strut size, and lattice pattern. We found that the combination of soft cell-laden collagen hydrogel with rigid PCL-β-TCP scaffold significantly enhanced cell retention compared to scaffolds alone (Fig. 4) and improved hydrogel-based structural and mechanical integrity compared to collagen alone ( Fig. 1(E) and (F) ). Furthermore, hybrid constructs with relatively thinner struts (relative to pore size) exhibited development of long cords in the pores along scaffold struts compared to those with larger struts; that, in turn, promoted the formation of cellular networks (Figs. 4, 5 and 7) . The result Fig. 6 -Variation of the diameter of cell-laden and cell-free collagen discs over time up to 14 days in culture condition (n¼ 3). Cell laden-collagen started to shrink from early hours and to approximately 14% in diameter by day 3, 22% by day 7, and 44% after 14 days of incubation. However, the control collagen disks without cells did not show any significant change up to 7 days and then shrank approximately 15% by day 14 that was probably due to material degradation.
implies that manipulation of scaffold architecture such as strut size, pore size and pattern may be an effective means of regulation and re-organization of endothelial cells for further prevascularization.
A few studies have reported the HUVEC behaviors in hybrid constructs. (Gong et al., 2007; Melchels et al., 2012; Schuurman et al., 2011; Kim et al., 2012; Mintz and Cooper 2014; de Moraes et al., 2012; Santos et al., 2008; Temple et al., j 
2014). For example, Santos et al. (2008) developed ECMinspired nano/micro-fiber scaffolds made via an electrospinning technique and pre-seeded endothelial cells onto porous scaffolds and then impregnated them with angiogenic growth factor-incorporated collagen gel. They observed that the cells were able to migrate from the scaffold into the gel matrix and form capillary-like structures. Most recently, Temple et al. loaded fibrin encapsulating 50-300-mm human adiposederived stem cell aggregates into the AM-made porous PCL scaffolds (Temple et al., 2014) . They reported extensive vascular network of random orientation throughout the fibrinfilled scaffold pores, but cellular patterns near PCL struts often appeared wrapped along the struts. Our results in this study are consistent with these previous studies but further indicated that the well-defined internal architecture of a rigid porous scaffold can be a means to regulate the endothelial cell network formation. By taking advantages of AM technology, we were able to control architectural features of porous scaffolds including strut and pore sizes ( Table 1 ) that, in turn, determined their physical properties such as porosity and surface area (Table 2 ) and influenced their mechanical properties ( Fig. 1(E) ). The compressive mechanical strength of the fabricated PCL-β-TCP scaffolds were measured in the range resembling the strength of trabecular bone (An, 2000) . Since the mechanical stiffness of collagen is orders of magnitude less than scaffold ( Fig. 1(E) and (F)), collagen/PCL-β-TCP hybrid constructs demonstrate mechanical stiffness similar to the scaffold component.
In the collagen/PCL-β-TCP hybrid constructs, collagen initially acted as a cell carrier where endothelial cells were directly suspended in collagen hydrogel solution at a relatively high cell density prior to loading onto the scaffolds and gelation. Collagen itself is an extracellular matrix which provides a conducive, physiologically-relevant microenvironment for cells to grow and interact. At day 1, the majority of cells remained highly viable within both collagen components of hybrid constructs and control collagens. However, the total amount of cells declined at day 7, and then re-grew at day 14 (Fig. 2) . The decline at day 7 is probably a result of cellular necrosis in the center of constructs of 8 mm in diameter and 3-mm thick due to limited nutrient supplies (Miller et al., 2012) . The re-growth at day 14 is probably a result of cell proliferation in the periphery of the constructs where the cells can secure sufficient nutrients and oxygen. It is a known phenomenon for cells encapsulated in hydrogel matrices due to low nutrient and waste transport in regions of the hydrogels far from the culture media (Miller et al., 2012; Chan et al., 2010) . To overcome this issue, through channels can be introduced in the hydrogel component in future studies.
After gelation, collagen formed mechanical interlocks with alkaline-treated scaffold struts and stabilized the interface, though PCL-β-TCP scaffold struts are remarkably stiffer and harder compared to collagen hydrogel. This fact may have encouraged cells to migrate onto the scaffold struts since a rigid substrate provides a more stable anchorage and higher stress on cells, while the soft hydrogel will readily facilitate cells to migrate within the 3D collagen matrix. As a result, many cells have migrated from the collagen gel onto the scaffold struts, spread and started to proliferate (Fig. 2 and Supplementary Figs. 1 and 2) . HUVECs initiated to form connections on the 200-mm struts by day 7 and established more cell networks by day 14. However, on the 400-mm struts, although cells proliferated and formed a highly confluent layer, no network was observed after 14 days of incubation (Fig. 4) . This observation might be explained by the influence of the architectural features of the scaffolds. With a constant pore size of $ 500 mm, scaffolds with 200-mm struts (that are comparatively smaller than spacing between the struts) demonstrated higher porosity, water up-take and specific surface area compared to 400-mm scaffolds (Table 2 ). This means that within the hybrid constructs, the collagen matrix had more interface area with PCL-β-TCP struts of 200-mm scaffolds in comparison with 400-mm scaffolds. Also, the number of cells counted on the struts were similar for 200-and 400-mm struts (Fig. 2) , the cellular density (number of cells/surface area) was lower on the 200-mm struts that might have contributed to formation of a better network. Another possible explanation may be a preferred orientation and elongation of cells along the main axis of the 200-mm struts that was stimulated by the smaller radius of curvature compared to that of 400-mm struts, which relatively resemble a flat surface for HUVECs. However, it should be noted that, despite formation of a high density monolayer of HUVECs on the struts of control scaffolds (Fig. 2) and even initial elongation of cells along the 200 -mm struts (Fig. 3(C) ), no network was detected on the control scaffolds at day 14 (Fig. 4(E) ). A proper biological and mechanical microenvironment at the interface of PCL-β-TCP struts with collagen hydrogel might be a possible reason for the better network formation in the hybrid constructs.
The majority of HUVECs, which remained in the collagen matrix, continued to grow and form more connections by 14 days of culture. However, unlike the control collagen matrix that demonstrated random cellular network, cells made long linear cords within the pores of 200-mm struts as well as within $800 mm distance surrounding the scaffold component of the hybrid constructs (Figs. 4, 5 and 7) . Those long linear cords formed branches and connected to the cell network on the scaffold strut (Fig. 5(A) ). Although long cords were also seen surrounding 400-mm scaffolds in the hybrid constructs, such linear organization of cells was not detected within the pores of those scaffolds. HUVECs formed randompattern network within the pores of 400-mm hybrid constructs similar to what was observed in control collagen (Fig. 4 ).
An active mechano-sensing/mechano-transduction mechanism (Zhang et al., 2011; Janmey and McCulloch, 2007) , a positive mechanical feedback loop via transmission of force between the cells and collagen micro-structure (Stopak and Harris, 1982; Ma et al., 2013) , may possibly explain the organization of the cellular network in the hybrid scaffold-collagen constructs and the formation of a linear cord structure. In many applications that involve entrapping cells in gels, the cells compact the gel and produce aligned fiber patterns (Stopak and Harris, 1982; Aghvami et al., 2013; Sawhney and Howard, 2002; Provenzano et al., 2008; Bischofs et al., 2008) . It is the nanometer-size fibrillar structure of collagen that provides physical cues for cell proliferation and migration to organize and form a new 3D capillary network (Knapp et al., 1999; Davis and Senger, 2005) . The fibrillar structure of collagen hydrogel is determined by the polymerization conditions including collagen concentration and pH (Roeder et al., 2002) . A recent study by Guo et al. (2012) , showed how the morphological changes of epithelial cells in the presence of collagen influences the formation of long cell cords pattern. The motile cells use their traction force to align the collagen fibers and to organize themselves spatially (Namy et al., 2004) . The collagen fibers reorganized to form long linear patterns and restricted the cells along those linear patterns (Guo et al., 2012) . In turn, elongated ECs will have increased sensitivity to growth factors in the culture media (Folkman and Shing, 1992) . Also, the encapsulated cells, passed the effective traction forces onto surrounding collagen hydrogel matrix in the bulk scale (Grinnell and Petroll, 2010) and formed mechanical stress within the collagen matrix based on the mechanical stiffness of the matrix and the boundary mechanical constrains (Sieminski et al., 2004; Ingber, 2002; Klumpers et al., 2013) . In the hybrid constructs, the collagen matrix is mechanically constrained at the interface with the culture well and at the integration interface with the scaffold struts. The cell-generated mechanical stresses within the collagen matrix are transmitted back and act on the cells (Knapp et al., 1999; Ingber, 2002; Grinnell, 2000; van Oers et al., 2014 ) that regulate cellular functions and capillary morphogenesis (Sieminski et al., 2004) .
We indirectly estimated the strength of cellular traction force acted by the encapsulated HUVECs on the collagen matrix via measuring their effect on the bulk size of collagen disks (Fig. 6) . The results suggested a remarkably strong internal force introduced by the cell traction force ( $20% shrinkage difference between cell-laden collagen and control collagen without cells at day 7). We also used FEM to simulate the formation of stresses caused by the traction force of the incorporated cells within the collagen matrix of the soft hydrogel/rigid scaffold hybrid constructs. Interestingly, the pattern of principal stress directions highly matched with the pattern of the HUVEC network observed in the collagen component of the hybrid constructs for both 200-and 400-mm struts (Fig. 7) . Thus, the main rationale behind the linear pattern of HUVECs network in the pores of 200-mm struts versus the random pattern of cells in the pores of 400-mm struts may be attributed to the pattern of generated mechanical stress by cellular traction. The relative aspect ratio of the actual fabricated strut size ( $260 and 442 mm - Table 1 ) in comparison with the actual pore size ( $440 mm - Table 1 ) might be the main rationale behind this difference between the generated mechanical stress patterns. It has been shown by others (Tambe et al., 2011 ) that cells align with the orientation of the principal stresses and also migrate along that orientation. Other than elongation of cells and network pattern, mechanical constrains might have also affected the lumen size, as Sieminski et al. (2004) showed that HUVECs formed larger lumens in mechanically constrained collagen gel. Cell population might have also played a critical role for the initiation of the mechano-transduction mechanism as mentioned in literature (Chan et al., 2010; Guo et al., 2012; Barocas et al., 1998) . A higher number of cells means more traction force and consequently higher stresses and more aligned fibers. For this study, we used a high initial density of 5 Â 10 6 cells/ml that showed the potential to generate relatively high contraction in the collagen matrix (Fig. 6) . In a hybrid construct, the rigid scaffold component maintained the overall geometry, meaning it acted as a mechanical constrain resulting in formation of high mechanical stress in the collagen component and consequently on the incorporated cells. The results suggest that the integration of the AM-made rigid PCL-β-TCP scaffold with thin struts and cell-laden soft collagen hydrogel not only benefited from hydrogel-based cell retention and structural integrity, but also promoted the formation of long linear cords branched and connected to the smaller networks (Fig. 5 ) via reciprocal mechanotransduction effects (Fig. 7) . Formation of such cellular patterns that resemble the vascular network pattern may facilitate the formation of capillary network with porous TECs. Whether the developed linear cords and cellular pattern could enable development of vascular network and further anastomosis and blood flow within the constructs upon implantation will be investigated in future work using both in vitro and in vivo animal models. In addition, the cellular necrosis in the core region of large TEC could be solved using flow of culture medium in the channel embedded constructs in vitro and anastomosis to host vasculature system in vivo that will be our studies in future work (Mercado-Pagan et al., 2015) . Also, this study can be extended through analysis of effective parameters such as the scaffold architectural design, chemical composition/concentration of the scaffold and hydrogel components, and different cell type. Co-culturing osteogenic cells with angiogenic cells in the hybrid construct could be investigated in future work.
Conclusion
In this study, we combined endothelial cell-laden soft hydrogel with AM-made rigid porous scaffold and studied endothelial network pattern initiation in the hybrid construct. It was shown that the hybrid constructs with thinner scaffold struts promoted cell reorganization and initial network formation composed of long linear cords connected to capillary-like branches. Scaffold struts modulated the patterns of principal stresses within the collagen and influenced the cell organization and network formation.
